Abstract-In this study, we present and evaluate a novel method to estimate multi-joint leg impedance, using a robotic gait training device. The method is based on multi-input-multi-output system identification techniques and is designed for continuous torque perturbations at the hip and knee joint simultaneously. Eight elderly subjects (age 67-82) performed relax and position tasks in three different leg orientations. Multi-joint impedance was estimated nonparametrically and was subsequently modeled in terms of inertia and (inter)joint stiffness and damping. The results indicate that all stiffness and damping parameters were significantly higher during the position task compared to the relax task. The majority of the stiffness and damping parameters were not significantly affected by leg orientation. The results also emphasize the importance of considering the visco-elastic coupling between joints when modeling multi-joint dynamics. Measuring joint stiffness with the same device that is used for robotic gait training allows convenient testing of joint properties in conjunction with the robotic gait training protocol. These measures might serve as a good basis for quantitative assessment and follow up of patients with abnormal joint stiffness due to neurological disorders, and may reveal how changes in these joint properties affect their gait function.
I. INTRODUCTION
O UR ability to resist perturbations during postural control, or during coordinated movements like walking, greatly depends on our mechanical joint properties. Joint properties can be characterized by their mechanical impedance, which (in biomechanics) is often defined as the dynamic behavior between joint torque and angular displacement [1] . Experiments to quantify joint impedance typically involve mechanically perturbing the joint in a controlled manner, measuring the motions and torques, and applying system identification techniques. These experiments have been performed on a wide variety of joints, including the ankle, wrist, elbow, and knee, and revealed that the joint impedance could be described by inertial, viscous, and elastic properties (for small displacements) [2] .
Often, a distinction is made between the impedance measured in a passive joint (passive impedance) and in a joint with a certain level of muscle contraction (active impedance). The passive component is ascribed to the inertia of moving segments and the dynamic properties of anatomical structures like joint capsules, ligaments, connective tissues, and inactive muscles. The active impedance is caused by the properties of activated muscle groups acting around the joint. Others try to decompose the impedance into an intrinsic and reflexive part. Here the intrinsic part arises from the mechanical properties of passive tissues and active muscles, whereas the reflexive part arises from reflexes, which lead to changes in muscle activation levels and consequently contribute to joint impedance.
Joint perturbation experiments on nondisabled subjects showed that the joint impedance depends on several factors, such as muscle contraction levels [3] - [5] , joint angle [6] , [7] , movement amplitude [5] , [8] , [9] and perturbation bandwidth [10] , [11] . These dependences can be explained by several underlying physiological mechanisms. For example, the angular dependency is likely to be related to the nonlinear behavior of passive structures [12] , the change in the overlap between the myosin and actin filaments [13] , and changes in the muscle moment arm [14] . The increase with contraction level is ascribed to the summation of the stiffness of parallel arranged cross-bridges [15] . Cross-bridges are also thought to cause a high stiffness during low amplitude perturbations, due to elastic stretch during the initial stages of the stretch, and a lower stiffness during large amplitude perturbations, due to detaching and reconnecting muscle filaments [16] . The bandwidth dependency is related to our capability to modulate our reflexive activity. For low bandwidth perturbations, humans increase their spinal reflexes (muscle spindles and Golgi tendon organs) and effectively increase their joint impedance. At higher frequencies this is limited due to instabilities arising from reflexive time delays [17] . These reflexes also appear to have larger gains for small amplitude perturbations, compared to larger perturbations [18] .
A thorough understanding of joint stiffness and its variation with posture, muscle activation levels, environmental circumstance, or diseases might prove useful for several applications. Knowledge about the way we modulate our joint impedance during different functional tasks such as locomotion, running, or balance control can benefit the design of activated prostheses or orthoses [19] and can be used to improve the control of paralyzed limbs using functional electrical stimulation [20] . Additionally, joint impedance measurements can serve as a good basis for quantitative assessment and followup of patients with ligament injuries [21] or abnormal joint stiffness (spasticity) due to neuromuscular disorders like spinal cord injury (SCI), stroke, cerebral palsy, or Parkinson's disease [22] , [23] . Quantitative impedance measures were also demonstrated to have an intrasubject reliability that was as good as, or better than, most clinical measures [24] . This makes them also suitable as an objective indicator of the effectiveness of different types of rehabilitational interventions.
As mentioned above, several factors influence joint impedance. Still, the main factor is task instruction [25] . Task instruction is inherently linked to the applied perturbation type; force tasks are used during position perturbations and position tasks during force perturbations [26] . So far, most studies use position perturbations in combination with a torque/force task. These studies often focus on the effect of muscle contraction levels on joint stiffness. We believe that torque/force perturbations present a more natural disturbance, since the effort of the subjects is reflected in their performance, whereas during a position perturbation the subjects have no influence on the performed movement. Therefore, in this study, we will use torque perturbations in combination with relax and position tasks to determine the range of joint impedance.
Conventional methods for measuring joint impedance typically have been applied to a single joint. However, due to the presence of bi-articular muscles and heteronymous reflexes [27] , the joint impedance of one joint is also influenced by the angular position or movement of the adjacent joint. Several studies have illustrated the effect of bi-articular muscles by the change in the hip-torque versus hip-angle curve, for different orientations of the knee joint and vice versa [28] , [29] . Such relations are often used to describe how these elastic elements can serve as an energy storage and release mechanism, rather than quantifying the joint mechanics in terms of stiffness and damping [30] . Also, these studies are only performed for passive movements in which the joints are slowly moved through their range of motion, rather than applying perturbations. For the upper extremities this multi-joint characteristic of joint impedance has been acknowledged, and multi-input-multioutput (MIMO) techniques have been used for the estimation of multi-joint stiffness (or "endpoint stiffness") [31] , [32] .
The goal of this study is to use similar MIMO techniques to develop and evaluate an approach to assess multi-joint leg impedance using a robotic gait training device. The hip and knee joint will be mechanically perturbed simultaneously, and the effect on both hip and knee angular displacement will be measured. Subsequent MIMO system identification techniques in the frequency domain will be used to distinguish between single-joint and multi-joint effects. A significant coupling between both joints is expected due to the mechanical connection and the presence of bi-articular muscles and heteronymous reflexes. We use closed-loop identification techniques, which are appropriate when continuous torque disturbances are used. We also investigate the effect of task instruction (relax versus positions task) and leg posture on hip and knee stiffness. It comprises a bilateral exoskeleton, which is force controlled using "series elastic actuation" via Bowden cables, and is capable of applying torque perturbations to the hip and knee joint. Right: Experimental setup. During the perturbation experiments the subjects stood with the nonperturbed leg on a box such that the perturbed leg could move freely.
II. METHODS

A. Subjects
Eight elderly subjects between the age of 67 and 82 [age 74.8 ± 5.3 (mean ± std), seven males, one female, weight 81.9 ± 11.6 kg] participated in this study. None of the subjects had symptoms of neurological or orthopedic dysfunction and all gave informed consent before participating in the experiments. The protocol was in accordance with the Declaration of Helsinki.
B. Apparatus
To apply hip and knee perturbations, the LOPES (Lower Extremity Powered Exoskeleton) was used. The LOPES (see Fig.  1 ) is an exoskeleton type robotic gait trainer with eight actuated degrees of freedom (DoF) and was initially designed to provide supported treadmill training for stroke patients. It is force controlled using "series elastic actuation" (SEA) via Bowden cables with the elastic element on the joint (thus after the Bowden cable). The applied joint torques are calculated from the deflection of the springs of the SEA, eliminating the need to make an assumption regarding, and compensate for, the friction in the cables [33] . Although the LOPES is designed to have a transparent (backdriveable) mode in which no torques are applied when the patient requires no assistance, this mode will not be used since in this study the LOPES is used to apply torque perturbations.
MATLAB xPC (Mathworks, Natick, MA, USA) is used to control the applied torques by the exoskeleton joints at 1000 Hz. Potentiometers fitted to the LOPES joints record the joint angles. In this experiment perturbations will be applied to the knee and hip joint. The angles and exerted joint torques were sampled at 100 Hz and stored for later processing. Horizontal and vertical pelvic movements were mechanically constrained, so movements in these DoF were not possible. A bias torque was used to keep the hip ab/adduction in a neutral position.
C. Electromyography
Muscle activity was recorded from six muscles acting about the knee and hip joint (Porti 16-5, supplier: TMS International, Enschede, The Netherlands). We measured EMG levels of the mono-articular muscles: 1) vastus lateralis and 2) gluteus maximus and biarticular muscles: 3) rectus femoris, 4) semitendinosis, 5) biceps femoris and 6) gastrocnemius. Seniam guidelines [34] were followed for skin preparation and placement of the disc-shaped solid-gel Ag/AgCl electrodes (in a bipolar configuration). The EMG signals were sampled at 1024 Hz, and digitally stored for further processing. A sync signal was used to synchronize the EMG and LOPES data. All recordings were performed on the left leg only. As a reference for the EMG levels, maximum voluntary contraction (MVC) levels were collected according to the Seniam guidelines [34] . Some of the cuffs of the LOPES were placed over the electrodes. To account for any changes in EMG levels due to the compression of the skin under the cuffs, the MVC levels were recorded in the LOPES. The obtained MVC levels were used to scale the EMG levels during the different conditions.
D. Experimental Protocol
Before positioning the subject in the LOPES, different anthropometric measurements were taken to adjust the exoskeleton segments lengths. Additionally, the position of the cuffs was adjusted in two DoFs to align the subject's hip and knee axis with the exoskeleton joints. Next, the subject was positioned into the LOPES and his trunk, thigh, and upper-and lower-shank were strapped to the exoskeleton. To let the subject become familiar with the device, every subject was allowed 5 min to freely move and walk in the device while it was operated in the zero-impedance mode [35] . This period was also used to correct for any small misalignment between the human and exoskeleton joints. During the perturbation experiments, the subject stood with his nonperturbed leg on a box, while holding onto two parallel bars for support (see Fig. 1 ). The height of the box was 15 cm, which was sufficient to clear the foot of the perturbed leg.
1) Experimental Conditions: Subjects were asked to perform two different tasks: a relax task and a position task. While performing each task, the LOPES applied continuous torque perturbations to the hip and knee. During the position task, the hip and knee angles were displayed on a screen in real time and the subject was instructed to keep the deviations as small as possible. During the relax task, the subject was asked not to interfere with the applied perturbations and the screen was turned off to prevent any distractions. To study the effect of leg orientation on the joint impedance, the position and relax tasks were performed at three different leg orientations [hip/knee angles of 5/-55°, 25/-35°, and 25/-15°; see Fig. 2 (c) and (d) for the definitions of the angles]. These three leg configurations represent the leg orientation during natural gait: 1) just after toe off, 2) during swing, and 3) prior to heel strike. For each combination of task and configuration (relax versus position, at three positions, thus six conditions), we applied two perturbations (see the description of "perturbation signal"). For the relax task these perturbations were applied in one trial each. For the position task each perturbation was split into two trials to prevent fatigue. All six conditions were randomized, with a resting period of at least 2 min in between conditions. Since the active impedance does not differ between dominant and nondominant limbs in healthy subjects [36] , all perturbations were applied to the left leg.
During all conditions a bias torque was superimposed on the multisine (see the description of "perturbation signal"). The bias torque was used to compensate for the gravity of the leg and the exoskeleton. This allowed the subject to passively keep the hip and knee joint in the desired testing angle and prevented unwanted muscle contractions (especially during the relax task). The bias torques were set for every subject and condition individually.
As mentioned above, the SEA eliminates the need to make an assumption regarding, and compensate for, the friction in the Bowden cables. However, the joint of the exoskeleton itself has friction and the linkages have a certain mass and inertia. To obtain these dynamic properties of the exoskeleton, which are required for the estimation of the human dynamical properties [see supplementary material, (8) ], a similar set of experiments was performed without a subject in the LOPES. In other words, we did not model the exoskeleton but used the estimated frequency response function (FRF) of the experiment without a subject in the LOPES to compensate for the dynamics of the exoskeleton. By doing so we eliminate any errors that might have occurred when we would have modeled the behavior of the exoskeleton.
2) Perturbation Signal: Quasi-random torque perturbations were used to prevent anticipatory muscle contractions. The perturbation signal was composed of multiple sinusoids. This multisine signal had a duration of 20 s and contained an equal amount of power at 35 specified frequencies (0.05-10 Hz, logarithmically spaced). The signal was generated offline and allowed for a well-defined frequency domain analysis. Because linear system identification techniques were used, large movement amplitudes should be avoided. Therefore the phases of the different sines of the perturbation signal were optimized by crest optimization [37] . To enable a comparison of the different conditions, and to justify a linear modeling approach, the amplitude of the multisine torque disturbance was adjusted for every subject and condition so that that the peak-to-peak amplitude of the resulting hip or knee angle did not exceed 15°. These adjustments were made prior to the actual experiments, by slowly ramping up the amplitude of the disturbance signal until the peak-to-peak amplitude of the knee or hip angle reached approximately 15°.
A general requirement to identify a MIMO system is that for each degree of freedom an independent perturbation is required. This implies that the system needs to be perturbed in two different manners. For the first perturbation, the perturbation signals on the hip and knee had the opposite sign, whereas for the second perturbation the perturbation signals had equal signs. For the relax task one trial was performed for each perturbation, consisting of seven repetitions (cycles) of the 20-s multisine signal. For the position task two trials were performed for each perturbation, consisting of four repetitions (cycles) of the multisine signal each (to prevent fatigue). The first cycle of each trial is discarded, to eliminate possible transients at the start of each trial, resulting in six repetitions per trial.
E. Data Processing
All signal processing was done with custom-written software in MATLAB (Mathworks, Natick, MA, USA).
1) Muscle Contraction Levels:
The raw EMG recordings were bandpass filtered (10 − 400 Hz) with a second-order zerolag Butterworth filter to remove movement artifacts, full-wave rectified, and low-pass filtered with a second-order zero-lag Butterworth filter (5 Hz) to smooth the signal. The EMG was resampled to 100 Hz and synchronized to the LOPES data. Mean EMG levels were calculated for all the cycles of the perturbation signal. Next, these mean EMG levels were averaged for every condition to provide a single measure of muscle activity level per condition. Also, the standard deviation of the mean EMG levels per condition was calculated to provide a measure of the variability in EMG levels over the six different cycles.
2) Nonparametric MIMO System Identification, FRFs: The data from the six perturbation cycles were Fourier transformed and averaged over the six cycles to reduce the effects of noise.
Note that only the Fourier coefficients at the frequencies of the multisine that contained power were used for further processing. Next, MIMO frequency analysis techniques were used to obtain the nonparametric identification of the overall admittance. Although the admittance and its inverse, the impedance, technically refers to the relationship between force and velocity, in many studies on joint properties these terms refer to the relationship between force and position [1] . Here the admittance is defined as the causal dynamic relationship with torque as input and angle as output.
The overall admittance H(s) of the system is defined according to
where Θ(s) and T (s) denote the Fourier transforms of the exoskeleton joint angles and applied joint torques, respectively, and s is the Laplace variable. For the sake of simplicity, (s) is omitted from this point forward. Since the total system (human+LOPES) represents a multivariate system with two inputs (torques) and two outputs (angles), the admittance FRF consists of a 2-by-2 matrix with FRFs. The FRFs are calculated according to
where T hip and T knee represent the Fourier transforms of the hip and knee torque. Θ hip and Θ knee represent the Fourier transforms of the exoskeleton joint angles. Superscript -1 denotes the inverse, subscript 1 and 2 indicate the Fourier transforms obtained during the first and second perturbation, and the circumflexˆdenotes an estimate. H τ h ip →θ k n e e denotes the calculated FRF between the applied hip torque and knee angle. The same perturbation torque signal was used for the hip and knee. Note that matrix T must be invertible. Therefore, for the first perturbation, the perturbation signals on the hip and knee had opposite signs.
3) Noise-to-Signal Ratio (NSR):
To determine whether it is justified to use time-invariant system-identification methods, we calculated the NSR in the frequency domain [38] . The NSR is the ratio of the remnant and the periodic response. Remnant can result from time-variant behavior and/or noise. Consequently, a small NSR indicates a consistent response of the system to the applied perturbation over the different cycles. It also indicates that the system is appropriately perturbed. The NSR is defined according to
where σ 2 Θ h ip represents the variance of the remnant (i.e., the variance of the Fourier transforms of the exoskeleton hip angle over the different cycles) and Θ hip represents the periodic response (i.e., the mean of the Fourier transforms of the exoskeleton hip angle over the different cycles). The NSR of the knee angular response is calculated in a similar way. The NSR is only calculated for the excited frequencies and averaged over the frequencies.
4) Cycle to Cycle Variability:
Another measure that reflects the consistency of the response was provided by the standard deviation of the hip and knee angular response. The standard deviation was calculated across the six cycles for each perturbation. Next, the standard deviation values were averaged across the recorded time instances (2000 samples per 20 s) to obtain one representative measure of the intercycle variability in the time domain.
5) Model Fit:
To estimate the hip and knee impedance in terms of physiologically relevant parameters, a linear model was constructed. In this model the mechanical behavior of the complete system is represented by two double pendulums, one representing the exoskeleton's leg (LOPES pendulum) and one representing the subject's leg (human pendulum) [see . We lumped the mono-articular and bi-articular effects of the muscles and connective tissue crossing the hip and knee joint into three pairs of parameters. The first pair describes the lumped contribution to rotational stiffness and damping of the knee (K k , B k ), the second pair describes the contribution to rotational stiffness and damping of the hip (K h , B h ), and the third pair describes the contribution to the symmetric visco-elastic coupling between the hip and knee (i.e., how does a change in knee angle influence the hip torque and vice versa) (K c , B c ). The definitions of the model parameters are listed in Table I . See the supplementary material for a detailed description of the model and the parameterized impedance transfer function (TF) of the human pendulum model (H model ). The best model fit was obtained by minimizing the following criterion function:
where H model represents the TF of the human pendulum model. H human represents the impedance FRF of the human leg and is calculated from the total admittance (Ĥ tot ); see the supplementary material. The criterion function is only evaluated for the excited frequencies. The optimization was performed with an unconstrained nonlinear optimization routine and on all 4 FRFs that compriseĤ human simultaneously. Since the NSR was relatively high at the frequencies above 3 Hz, it was decided to only include all frequencies up to 3 Hz (25 frequencies in total). To reduce the amount of model parameters that require fitting, the position of the center of mass, the radius of gyration, and the masses of the lower and upper leg were taken from empirical relations reported in the literature [39] . To account for some subject variability in physique, we introduced a scaling factor to Table II ). For some parameters they reported a range and in those cases we used the mean.
scale the literature-based estimates of the lower and upper leg mass and to get a better estimate of the subject's segment masses. We decided to scale the upper and lower leg equally (assuming that subjects with an above-average lower leg mass also exhibit an equally enlarged upper leg). The final estimate of a subject's upper and lower leg mass is thus obtained by multiplying the initial estimates from the literature with the scaling factor. The scaling factor was estimated based on the relax conditions (see the next paragraph). For each subject, a total of six parameters (K h , B h , K k , B k , K c , and B c ) had to be estimated for each of the six conditions and one parameter (c: the scaling factor for m ul and m ll ) across conditions. The most reliable estimates for the segment mass and inertia are obtained at rest, when the contribution of joint stiffness and damping is small [31] . Therefore, we first performed the optimization for the three relax tasks. The optimized scaling factor was averaged over the three relax conditions and was used as a fixed parameter in the subsequent optimization of all six conditions. Note that the identified stiffness parameters do not include the contribution of the gravitational stiffness. The gravitational stiffness is estimated based on the mass of the upper and lower leg, the scaling factor (see previous paragraph), and the joint angles [see (11) , supplementary material].
To assess the sensitivity of the estimated parameters to the variation in response between the different cycles of the perturbation, the six parameters were also estimated per cycle. This resulted in six sets of the six parameters (per subject and per condition). Next, the standard deviation was calculated for every parameter (per subject and per condition).
6) Model Validation:
To obtain a measure of the accuracy of the model prediction we calculated the "goodness of fit" (GOF) in the frequency domain, where 100% reflects a perfect model fit. The GOF is defined according to:
The GOF was calculated for all 4 FRFs that compriseĤ human separately. Since we used a logarithmic criterion function, we also calculated a logarithmic-based GOF.
7) Perturbation-Evoked Reflex Mechanisms:
In our model, we do not attempt to decompose the stiffness into its reflexive and nonreflexive component. To determine the possible contribution of reflexive behavior to the joint stiffness, we calculated the NSR (in the frequency domain) of the EMG signal at the perturbed frequencies. This provides a measure of the inconsistency of the muscle activation levels at the perturbed frequencies. An inconsistent EMG response would suggest a small reflexive muscular contribution. The raw EMG recordings were bandpass filtered (30-400 Hz) with a second-order zero-lag Butterworth filter, full-wave rectified, and synchronized with the LOPES data. The lower bound of the filter was set at 30 Hz to ensure that all movement artifacts due to the perturbation (which has frequencies up to 10 Hz) are removed. Since this is done before rectifying the EMG signal, this does not remove the actual muscle activation at the lower frequencies. The EMG data from the six perturbation cycles were Fourier transformed and the NSR was calculated for each muscle [in a way similar to that described in (4)].
F. Statistics
Stiffness and damping parameters were estimated in different leg postures. To assess the effect of task and leg orientation on the estimated stiffness and damping parameters, we performed a linear mixed model analysis with task (relax and position) and orientation ("end swing," "initial swing," and "mid swing") as fixed factors for each dependent variable. To account for the correlation between the repeated measurements within a subject, different intercepts were assumed for each subject by including the factor "subject" as a random factor into the analysis. If a main effect was found, post-hoc pairwise comparisons were used to locate the effect. Alpha was set at 0.05 and a Bonferroni correction was used to correct for multiple corrections. For the statistical analysis we used IBM SPSS statistics, version 22.0.
III. RESULTS
A. Relax Task
The angular response of the hip and knee joint to the six cycles of the perturbation signal was very consistent when subjects were instructed to relax (see Fig. 3 for a representative example). The consistent response of the subjects to the perturbation was also reflected in a low standard deviation and low NSR (see Fig. 3 ). It also shows that the noise levels are low and that there is little time-variant behavior. Generally, the NSR of the angular response remained well below one and increased at the higher and lower frequency range (see Fig. 3 ). The NSR of the applied torque remained well below 1 at the full frequency range, indicating that the applied torque is very consistent over the cycles. Note that during the first perturbation, the hip and knee torque have opposite signs. Similar results were observed during the second perturbation (with a knee perturbation signal with equal sign, Fig. 3 ) and during the perturbations with the leg in the other configurations. The average NSR levels (averaged over all frequencies, perturbation cycles, subjects and leg configurations) were 0.21 for the hip angle and 0.10 for the knee angle. The similarity in the response to the different cycles of the perturbation signal was also confirmed by the low standard deviation over the six cycles (see Fig. 3(a, b) and Table II ). For the relax tasks, the average peak-to-peak torque amplitudes (averaged over all perturbation cycles, subjects and leg configurations) was 13.4 Nm for the hip and 6.3 Nm for the knee, resulting in peak-to-peak angular displacement of 8.9°and 15.0°(see Table II ). During the relax tasks, the average EMG levels were 3% of the MVC (see Fig. 4 ). We excluded two subjects from the analysis of the relax tasks, as they were not able to properly relax (EMG levels > 10% MVC).
B. Position Task
Generally, during the position task, the variability in response to the six cycles of the perturbation signal was larger than during the relax task (see Fig. 5 for a representative example). This is also reflected in higher NSR levels and higher standard deviations over the cycles, especially for the knee joint (see 
GOF (with bi-articular effect) Relax task Position task
H θ h ip →τ h ip 99 ± 2.0 9 9 ± 1.0 H θ h ip →τ k n e e 84 ± 19 87 ± 12 H θ k n e e →τ h ip 73±15 91 ± 6.5 H θ k n e e →τ k n e e 82±31 94 ± 6.7
GOF (without bi-articular effect)
Relax task Position task
H θ h ip →τ h ip 99±0.23 99 ± 1.0 H θ h ip →τ k n e e 74±22 61 ± 16 H θ k n e e →τ h ip 63±19 69 ± 8.6 H θ k n e e →τ k n e e 82±31 94 ± 6.7 Fig. 4 . EMG levels. Normalized EMG levels for the recorded muscles during the relax (dark gray) and position (light gray) tasks. The EMG levels are averaged over all perturbations, subjects, and leg configurations. The error bars indicate the standard deviation. Table II ). This is very likely caused by the fact that some subjects slowly start to deviate from the testing angle. With the help of the visual feedback subjects tried to compensate for this drift by small, low-frequency, angular corrections. These low-frequency angular corrections also explain the larger NSR at the lower frequencies (see Fig. 5 ). No consistent increase in the movement amplitude during the position task was found, which indicated that 1) fatigue was avoided and 2) a relatively constant co-contraction level was maintained. For the position tasks, the average peak-to-peak angular response was similar to the relax task, whereas a higher peak-to-peak torque perturbation was required to evoke the displacement (see Table II ) due to the co-contraction. During the position tasks the average EMG levels were 22% of the MVC levels (see Fig. 4 ). During the position task, where the subjects were asked to keep a constant level of co-contraction, they were able to keep their co-contraction level relatively constant. Although they did not receive any EMG feedback, the average variation (i.e., standard deviation) of the mean EMG levels over the different cycles of the perturbation signal was only 4% of the MVC levels.
C. Nonparametric FRFs
From the two perturbations per condition, we calculated the FRF of the total system [human+LOPES see (2) ] and subsequently the impedance FRF of the human leg (see the supplementary material). As expected, each of the four impedance FRFs resembles a second-order system (see Fig. 6 for a representative example). The phase, not shown here, starts at 0 and increases to π at the higher frequencies. The relatively constant gain at the lower frequency range can be attributed to the stiffness, whereas the reduced gain in the mid-frequency range can be ascribed to the resonance point. The increasing gain with higher frequencies is caused by the leg's inertia. Generally, the task instruction had a clear effect on the estimated FRF. The position task resulted in higher gains for the lower and midfrequency range. The task instruction did not affect the high frequency part of the FRFs, which is dominated by the leg's inertia.
D. Parametric Identification, Model Fit
The estimated FRFs of the human leg could be described very well with the human leg model, for the relax as well as the position task (see Fig. 6 for a representative example). This is also reflected in a generally high GOF for each of the four TFs of the human leg model (see Table II ). Adding the bi-artcular stiffness and damping parameters, which reflects the effect of bi-articular muscles, clearly improved the model fit. To illustrate this, we also show the best model fit, not taking into account this bi-articular effect. If this bi-articular behavior is neglected, the 2 FRFs, H θ h ip →τ k n e e and H θ k n e e →τ h ip , are not properly fitted by the TFs of the model (see Fig. 7 for a representative example during a relax task). This is also illustrated by a clear reduction of the GOF for both TFs when the bi-articular effect is neglected (see Table II ).
E. Parametric Identification, Estimated Model Parameters
To avoid convergence of the fitting procedure to local minimum, we performed the optimization routine with different initial parameters. Still, all optimizations resulted in the same set of estimated parameters. Generally, the scaling factor, which was used to scale the masses of the upper and lower leg, was below 1 (0.87 ± 0.10), indicating that the estimated masses are lower than reported in the literature [39] . Task instruction significantly affected all the stiffness and damping parameters. During the position task, all stiffness and damping parameters were significantly higher than during the relax task (see Table III ).
There was no significant main effect of leg orientation for the estimated stiffness parameters, but there was a significant interaction effect for K h and K c . Post-hoc analysis showed that both stiffness parameters were significantly higher in "end swing" orientation in comparison to "initial swing" orientation for the position task only (K h : P = 0.003, K c : P = 0.004, see Fig. 8 ).
For the damping parameters, the orientation did have a significant effect for B k and B c (see Table III ). The damping in "mid swing" was significantly higher than in "initial swing" (B k : p = 0.042, B c , p < 0.001, see Fig 8) .
To assess the sensitivity of the estimated parameters to the variation in response to the six different cycles of the perturbation, the six stiffness and damping parameters were also estimated per cycle. Fig. 8 shows the standard deviation of the stiffness and damping parameters (averaged over the subjects). In line with the NSR and STD parameters of the angular displacement (see Table II) , there is more variation in the estimated parameters during the position task, compared to the relax task. Overall, for the stiffness parameter, the average standard deviation was around 15% of the estimated stiffness level. For the damping, the average standard deviation was around 20% of the estimated damping level. Generally, the NSR of the applied hip and knee torque is very low (see Figs. 3 and 5 for a representative example). Therefore, the difference in angular displacement over the cycles, and consequently the variation in the estimated stiffness and damping parameters, is most likely due to the variation in human response. 
F. Perturbation-Evoked Reflex Mechanisms
The model presented in this study only considers intrinsic muscle stiffness, but some of this stiffness may have been caused by reflex pathways excited by the perturbation. During the relax tasks, for most muscles, the NSR was equally high for the perturbed frequencies and the nonperturbed frequencies. An inconsistent EMG response, and thus a high NSR, suggests a small reflexive muscular contribution. During the position task, there was a reduced NSR at the higher perturbed frequencies, compared to the nonperturbed frequencies (see Fig. 9 for a representative example). Although there seems to be a difference in EMG response during the relax and position task, the NSR is generally high, suggesting that the contribution of the reflex pathways to the stiffness is limited. In an effort to quantify this difference, we calculated the mean NSR over the 10 highest perturbed frequencies (3.2 − 10Hz) and the nonperturbed frequencies. For the relax task, the mean NSR at the perturbed frequencies was 27.9 ± 155.0 (averaged over all muscles, subjects, and leg configurations) and 33.5 ± 30.9 at the nonperturbed frequencies. For the position task, the mean NSR at the perturbed frequencies was 6.07 ± 19.2 and 30.1 ± 37.0 at the nonperturbed frequencies.
IV. DISCUSSION AND CONCLUSION
In this study, we present and evaluate a method to estimate hip and knee dynamic properties during multi-joint leg move- Fig. 9 . NSR of the EMG activity. NSR of the EMG activity for the six recorded muscles of one representative participant (subject 5) during a relax task and during a position task (leg orientation: "mid swing"). The solid dark gray circles represent the NSR at the perturbed frequencies, and the dashed line depicts NSR = 1.
ments by using a robotic gait trainer. The LOPES was used to apply continuous multisine torque perturbations to the hip and knee joint simultaneously. Frequency-domain MIMO linear system identification techniques were used to quantify the hip and knee dynamic (inter) joint stiffness, damping, and limb inertia. The results indicate that 1) all stiffness and damping parameters were significantly higher during the position task compared to the relax task, 2) the majority of the stiffness and damping parameters were not significantly affected by the leg orientation, and 3) including the effect of bi-articular muscles clearly improves the predictability of the multi-joint leg model. This section discusses these findings in further detail.
A. Estimated Segment Masses
In this study we scaled segment masses reported in the literature to fit the estimated FRFs. The scaling factor ranged between 0.75 and 0.94, with an average of 0.87, indicating that the estimated masses for most subjects were slightly lower than reported in the literature [39] . This may be related to the elderly subjects included, who may have relatively low upper-and lower-leg masses due to the reduction in muscle mass. Preliminary data (not shown) on nine young subjects (age 24.8 ± 2.1), using the same protocol, resulted in an average scaling factor of 0.97 ± 0.08.
B. Effect of Task Instruction
All stiffness and damping parameters that were used to model the multi-joint leg dynamics were significantly higher during the position task compared to the relax task. During the position task, subjects used co-contraction to reduce the displacement amplitude. Stiffness and damping are strongly related to muscle activation levels, due to a larger number of active cross-bridges. Overall, the stiffness and damping parameters increased 276% and 163% respectively, when the subjects were asked to minimize joint displacements.
1) Knee Stiffness: For the relax task, we found an average stiffness of 15.7 Nm/rad, which seems reasonable taking into account the perturbation amplitude. It is known that estimates for joint stiffness decrease with perturbation amplitude, due to cross-bridge dynamics. Although these amplitude dependences are often associated with active muscles, they are also observed in passive isolated muscles [40] . More recently, amplitude dependences have also been reported for the human knee joint [5] , [9] . In this study, we evoked angular displacements with a peak-to-peak amplitude of 15°. Studies that used small amplitude perturbations reported larger stiffness levels, up to around 75 Nm/rad [4] , [5] , [9] . Conversely, studies that applied pull or drop tests, and consequently evoked larger movements, reported slightly lower stiffness levels [39] .
Only a few studies tried to measure knee stiffness during co-contraction. Pfeifer et al. [5] applied small amplitude position perturbations at different co-contraction levels. Their highest level of co-contraction corresponded to 10% MVC and resulted in a measured active stiffness ranging between 50 and 130 Nm/rad. In our study, the estimated stiffness during the position task ranged between 54 and 203 Nm/rad, but corresponded to higher co-contraction levels (22% MVC). Note that this included also the passive stiffness, whereas the active stiffness reported by Pfeifer et al. is defined as the total stiffness minus the stiffness measured in the relax condition. Tai and Robinson [9] performed one of the few studies studying stiffness during a position task, as we did. They reported knee stiffness levels similar to ours, ranging between 130 (for low amplitude perturbations) and 60 Nm/rad (for large amplitude perturbations). Regretfully, they did not record the amount of muscle contraction. The fact that the abovementioned studies report similar stiffness levels, while using a wide variety of perturbation amplitudes also suggests that the amplitude-dependent change in knee stiffness primarily arises from passive properties of the joint. This has also been confirmed experimentally by Pfeifer et al. [5] , who showed a drastic reduction in passive stiffness with increasing perturbation amplitude, whereas the active part of the total stiffness remained relatively constant. Similarly, Tai and Robinson [9] showed a reduction in total stiffness at larger amplitudes, which can predominantly be ascribed to a reduction of the passive stiffness.
2) Knee Damping: Knee damping has only been determined in a limited number of studies. The passive knee damping found in our study (1.0 Nms/rad) is in agreement with these studies. Tai and Robinson [41] and Zhang et al. [4] , who used small amplitude position perturbations, reported passive damping parameters of around 1 and 2, respectively. During the position task, we found an average damping of 2.9 Nms/rad, which is 0.9 higher as reported by Tai and Robinson [41] . They also showed that the damping parameter is not affected by the perturbation amplitude (during passive conditions as well as co-contraction). This may explain why we found similar damping levels, even though we used perturbations with larger amplitudes.
3) Hip Stiffness and Damping: Hip dynamics were not studied as extensively as knee dynamics, and there are no known studies in which the hip joint was mechanically perturbed to estimate its stiffness and damping parameters. Torque-angle curves have been obtained while slowly moving the hip through its range of motion, but the stiffness based on the derivative of these curves is much lower than the stiffness during the relax task found in our study. As suggested in the introduction, this may be related to different mechanisms, which are active when the amplitude of the movement increases. In this study we found that the passive hip stiffness was much larger than the passive knee stiffness, possibly due to a larger amount of ligaments and muscle mass surrounding the hip joint.
C. Effect of Leg Orientation on Knee Stiffness
In this study we did not find a significant effect of leg orientation on passive knee stiffness. For the knee stiffness, during a relax task, Zhang et al. [4] and Tai and Robinson [9] report that the highest stiffness levels are recorded in the most extended positions (<10°flexion). The reason that we did not find such a dependency is most likely due to the relatively high flexion angles that we tested (15°, 35°, and 55°). Note also that, in order to make a fair comparison between passive knee stiffness levels, the hip angle should be taken into account, as this angle affects the pretension of bi-articular muscles and consequently the knee stiffness [29] .
For the knee stiffness during a position task, Tai and Robinson [9] found that the stiffness was largest for the most extended positions, even after subtraction of the passive part. Although we did not find a significant effect of leg orientation on active knee stiffness, the largest average knee stiffness (after subtraction of the passive part) was found in the most extended position. The relatively large moment arm of the knee flexor muscles at 15°o f flexion [14] might explain the increase in stiffness in the extended position.
D. Estimating Interjoint Stiffness and Damping
All previous studies that assessed joint stiffness and damping in the lower extremities focused on a single joint. In this study, we perturbed the hip and knee joint simultaneously to assess multi-joint leg impedance. To model the recorded multi-joint leg impedance, we included a visco-elastic coupling between both joints. This model simulated the combined effect of biarticular muscles such as the hamstrings and the rectus femoris. The results show that these muscles create a substantial coupling between both joints, as reflected in the K c and B c parameters.
Hogan [42] showed that, for arm movements, the presence of bi-articular muscles around the shoulder and elbow dramatically increases the ability of the central nervous system to modulate the so-called endpoint stiffness (stiffness of the hand in the Cartesian space), through coordinated muscle activation of mono-and bi-articular muscles. He showed that without coupling between the joints it is not possible to achieve an isotropic endpoint stiffness (meaning that an input displacement in any direction would produce a proportional restoring force in exactly the opposite direction). In other words, without bi-articular muscles, the endpoint stiffness cannot be modulated in all directions, whereas humans have been shown to be capable of modulating their endpoint stiffness such that it specifically increases in the direction of the instability in the environment [43] .
A similar mechanism might also be present in the lower extremities, to modulate the stiffness of the total leg. Simple bipedal spring-damper-mass models have already demostrated that the basic dynamics of walking and running can be explained by modeling the leg as one compliant element [44] , [45] , whose properties can be adjusted to cope with different environmental conditions or disturbances [46] . As with the upper extremities, the presence of a bi-articular coupling between the different leg joints increases the possibilities to modulate the compliance of the total leg. In fact, biped robots that are fitted with springs that correspond to the bi-articular muscles have been shown to improve the self-stabilizing characteristics for both walking and running gaits, compared to a setup in which only mono-articular springs are used [47] . Thus, besides the ability to transfer energy between different joints [48] , which is often considered as their main task, bi-articular muscles might also contribute to a more stable gait.
E. Limitations
In this study, we performed perturbations during relaxed and co-contracted states. The co-contracted state was used to determine the maximum joint impedance. Still, this resulted in relatively low co-contraction levels (22% MVC). This is probably related to the duration of the experiments. Subjects had to maintain a constant level of co-contraction throughout the trials. Since they are aware of the 1-min duration of the position tasks they may have chosen a relatively low co-contraction level. Still, the contraction levels are much higher than during the relax tasks (3% MVC) and have a clear effect on the estimated stiffness. We also observed quite some variability in the EMG levels between subjects during the position tasks. The large intersubject variability in the active stiffness (see Fig. 8 ) could be a reflection of the different co-contraction levels. During the passive trials the intersubject variability in the estimated parameters was smaller.
Furthermore, the results do not allow conclusions about the repeatability of the measure, since the measurements were only performed in each subject once. Also, subsequent testing on neurological patients has to confirm its validity for measuring spasticity or abnormal muscle tone.
In this study we used the same scaling factor for the mass of the upper and lower leg. This scaling factor can also be considered as a limitation of this study, especially since the mass repartition can be different from one subject to another. This might be especially true for elderly people and for neurological patients.
In our study, we did not model reflexes that may have been evoked by the perturbation. Several studies showed that reflex activation contributes to joint stiffness for the ankle [49] , [50] . For the knee joint, Pfeifer et al. [5] reported that there was no substantial relationship between perturbation and EMG during the passive trials, suggesting little reflex contribution, whereas during the active trials it was possible to predict 15-30% of the EMG variance. In our study, we did observe a reduced NSR of the EMG at the perturbed frequencies compared to the nonperturbed frequencies during the position task (see Fig. 9 ). However, the NSR was still high, suggesting that the reflexive contribution to the stiffness is limited. Reflex responses have been shown to decrease with amplitude [18] . Since we used perturbations which evoked relatively large movement amplitudes, and the contraction levels were relatively low, we did not expect a large reflexive contribution to the measured knee stiffness. Additionally, these reflexes have a decreased effect during sustained voluntary contractions [51] and have greater contributions for lower frequency bandwidth perturbations [52] , whereas we also included higher frequencies.
Another limitation is that we could not include the ankle joint in the estimation of the multi-joint leg impedance. This was due to the fact that the current prototype of the LOPES does not have an actuated ankle joint. Measuring ankle stiffness would be of special interest since it is known that an abnormal ankle joint stiffness, due to neuromuscular disorders like SCI, stroke, cerebral palsy, or Parkinson's disease [22] , [23] , can affect walking ability. Still, the proposed method can be extended to include the ankle joint when future generations of the LOPES, or other gait trainers, are developed that do have ankle actuation.
F. Future Directions
This study shows that the LOPES can be used to estimate multi-joint impedance, as long as the equilibrium position of the joint, and the level of co-contraction, remains constant. The presented approach can be used in any gait trainer that is torque/force controlled, as long as the bandwidth of the applied torque/force exceeds the maximum frequency range that is required to appropriately excite the system and identify its dynamics. Measuring joint impedance with the same device that is used for robotic gait training enables convenient testing of joint properties as part of robotic gait training protocols. However, it is unknown, so far, whether the identified abnormal stiffness or damping measured under these conditions also hinders walking capacity. For example, increased stiffness is reported in neurological patients during relax conditions [22] , [23] , but little is known about its consequences (and even its occurrence) during gait. This information is critical in order to understand if, and how, their impairments affect walking ability.
In order to gain direct insight into how humans modulate their limb stiffness during different gait-related tasks, it would be of great benefit to estimate the joint stiffness during locomotion itself. However, direct measurement of the joint stiffness is complex and requires a device that is: 1) lightweight, 2) attaches rigidly to the limb so that accurate perturbations can be applied, and 3) is transparent when not applying the perturbations. Although the LOPES fulfills these requirements to a certain extent, joint impedance measurements during gait will probably start at a single joint level, requiring a more modular approach. Examples of such modular devices that can serve this purpose are the Bowden-cable-driven knee actuator used by Tucker et al. [53] , or the pneumatically actuated AnkleBot presented by Lee et al. [54] . At our department, we are now developing a modular device, specifically dedicated to apply perturbations at the hip and knee, which can be used to estimate joint properties.
During walking, the time to apply stochastic perturbations is limited. Also, the joint impedance varies continuously due to: 1) variations in activation levels throughout the different gait phases and 2) a constant change in joint angle. Consequently, different system identification techniques will be required, such as the ones used by Ludvig et al. [55] , [56] , which allow the estimation of time-varying joint stiffness. We intend to further develop such methods and combine them with our method to estimate multi-joint impedance. Small-scale perturbations are preferably used, that minimally interfere with normal walking.
Such experiments will allow us to study to what extent neurological patients also show increased joint impedance during gait, and how it affects their walking ability. It may even be used to create patient-specific leg models and optimize the amount of applied torque by rehabilitation devices like the LOPES. Finally, such knowledge might prove to be beneficial for the development of intelligent, and energy efficient, prosthetic and orthotic devices.
